I. INTRODUCTION
Neural injuries and diseases cause lifelong and life-altering physical disabilities of millions of people worldwide, and are presently incurable conditions. Artificial neural interfaces have the potential to overcome neural injures and promote neural re-growth. To date, a variety of neural electrodes have been used in fundamental neuroscience and neural prosthetic research, starting with the early electrolyte-filled micropipettes and later metal electrodes to the current emerging micro-electro-mechanical systems (MEMS) based electrodes and polymer electrodes [1] . The majority of existing research devices and bio-implants focus primarily on direct electrical manipulation with microelectrodes [2] [3] [4] [5] [6] [7] . These devices, however, are often limited in coupling efficiency due to geometrical constraints, cell mobility, and growth of glial cells over interfaces and are not completely bioresistant due to electrochemical interaction at metal-electrolyte interfaces. A stable and biocompatible neural interface is required to precisely manipulate neural activity with minimal perturbation to biological environments.
There has been increasing interest in using magnetic instruments to study neurobiological conditions, which can avoid direct metal-tissue contact and thus mitigate the issues of charge transfer, electrode surface modification, and corrosion. Furthermore, the permeability of most materials is a real number, which means magnetic field can penetrate through non-conductive tissues without attenuation. This will enhance the coupling efficiency of devices and minimize thermal damage of tissues. Various coil designs have been investigated to focus magnetic field and allow greater strength and depth of penetration, including figure-eight-shaped, cone, crown, HESED, and Slinky coils [8] [9] [10] [11] [12] [13] . However, most of those devices involve macro-scale coils to communicate with neurons through electromagnetic coupling in biological systems, which have a poor spatial selectivity resulting in limited sampling activity of a generalized region. The number of simultaneously excitable sites is limited due to large coil sizes. Additionally, the amount of electric current used to drive coils is prohibitively large. Long-term repetitive exposure to strong focused magnetic fields (1-4 Tesla) may cause epileptic seizures. Therefore, it is desirable to develop a microsystem that can provide effective, localized, multi-site, and safe magnetic stimulation.
In this paper, we used both analytical modeling and finite element method (FEM) to study the possibility of using microscale magnetic probes for multi-site magnetic neural stimulation. Different configurations of microcoil arrays including a closed-winding design and an open-winding design were investigated to improve the spatial resolution of stimulation and the uniformity of field intensity. Based on preliminary simulation results, devices prototypes were microfabricated and tested.
II. DEVICE SIMULATIONS

A. Analytical modeling
First, analytical model was studied in MATLAB (MathWorks) based on the well-established passive cable theory proposed by Hodgkin and Rushton [14] . In this case, the second derivative of external potential in the direction of nervous axon is responsible for activation of the axon. Specifically, if the axon is along x-axis, an activating function can be expressed as @' ë @T ¤ and neural excitation occurs where the activating function is the most negative. To simplify the problem in the analytical modeling, this work focused on square-shaped planar coils. The closed-form expression of @' ë @T ¤ generated by a square microcoil is determined by Eq. (1) [15] , where N is the turn number of the coil, ä 4 is the permeability of vacuum, @E @P ¤ is the current ramping rate, and a is the length of the square coil.
Two square single-turn coils with dimensions of 500 × 500 µm 2 (1), to improve @' ë @T ¤ for effective neural excitation, one could increase the current ramping rate and/or increase the turn number of the coil (N) that leads to larger self-inductance of the coil. While the closed-form cable model can predict the field patterns generated by a single coil, it does not consider the electromagnetic coupling between coils. Therefore, we explored FEM in Ansoft HFSS (ANSYS, Inc.) to estimate the field distribution induced by a multiple coil array, as discussed in the following sections.
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B. Finite element simulation
The first array design consisted of four conventional closed-winding microcoils as stimulation units, as shown in Fig. 2 . To mimic the biological system, simulation environment was set to saline solution (0.9 % NaCl), which has relative permittivity of 82.69, relative permeability of ~ 1, and conductivity of 1.84 S/m [16] . Parylene-C, which has dielectric constant of 3.1, was used as a dielectric layer between multilayer metal wires and a package to ensure device biocompatible and prevent metal from corrosion in saline solution. During the simulation, current flow directions of adjacent coil units were in phase or out-of-phase, in order to study the effects of the current arrangement on the spatial resolution and field uniformity, as discussed in the following paragraphs. The device was operated at the frequency of 150 kHz to achieve a rapid ramp of magnetic pulses for effective neural firing, while keeping minimum tissue absorption of magnetic energy [17] . Magnetically induced electric field patterns were captured at 200 µm away from the coil units. Optimized parameters of the coil unit obtained from the simulation are listed in Table 1 . The spatial distribution of @' ë @T ¤ generated by the closed-winding coil array with the optimized parameters is shown in Fig. 3a . In this case, sinusoidal current flew clockwise in all the four coil units, with a 150 kHz operating frequency and a 1 V magnitude. The maximum magnitude of @' ë @T ¤ was approximately 157 mV/mm 2 . By adjusting the amplitude of the input signal, this value can be tuned between -5 and -15 mV/mm 2 , which is a typical range for exciting motor axon [18] [19] [20] . The peak values of @' ë @T ¤ were located at the corner of the coil windings, which is consistent with the finding of the analytical modeling. This can be further explained by the electric field distribution of the array, as shown Fig. 3b . For square coils, the peak value occurred at the corner where the current changed its flow direction, resulting in the rotation of the induced electric field by 90°. Specifically for the activating function along x-axis (@' ë @T ¤ ), the positive peaks appeared at the corners where the electric field changed its direction from y-direction to x-direction. The negative peaks, on the other hand, appeared at the corners where the electric field changed its direction from x-direction to y-direction. It is also found that applying in-phase currents to the adjacent coil units resulted in non-uniform distribution of @' ë @T ¤ . This is mainly caused by the nonuniform distribution of current density, determined by the layout of the coil array. For the in-phase design in Fig. 3a , the maximum magnitude of @' ë @T ¤ occurred at the input and output terminals of the array instead of the stimulation sites. To improve the uniformity of the field distribution, we modified the current arrangement by applying out-of-phase (with a 180° phase difference) currents to the adjacent coil units. For the array in Fig. 3c and 3d , the currents in the coil units 1 and 3 were counterclockwise while the currents in the coils 2 and 4 were clockwise. Simulations were done with the same frequency and magnitude of the input current. In this case, while the maximum magnitude of the electric field was lower than that of the in-phase case, the activating function (@' ë @T ¤ ; showed relatively higher magnitude and was more uniformly distributed at the stimulation sites. The electrical fields at the input and output ports of the array were partially cancelled due to opposite current flows between adjacent wires.
C. Simplified coil design
From the simulation results, we found that the spatial resolution and magnitude of magnetically induced electrical field is highly related to the arrangement of current elements in coil windings. Based on this finding, we simplified the array design by replacing the closed-winding coils with four open windings, as shown in Fig. 4a and 4b . The four windings were equally distributed along the y-direction, with a separation of ~ 360 µm. The overall area of the simplified array was the same as the design in Fig. 3 . By alternating current flow directions in the adjacent windings, the open-winding configuration generated similar electric field patterns and slightly higher maximum magnitude of @' ë @T ¤ (188 mV/mm 2 ), as compared to the closed-winding configuration. This could be attributed to eddy current induced by the closed windings, which makes the electric field distribution an elliptical shape compared to a square shape for the open-winding design. As a result, the first derivative of a square-shaped electrical field is larger than that of an elliptical one at the corner.
It is of note here that the adjacent windings at the stimulation sites must be set apart, so the electric field generated by the adjacent windings can form a new loop, which will contribute to the overall activating function. The uniformity of the field intensity can be further improved by carefully adjusting separations between individual windings. To understand the limit of the open-winding design, we also simulated designs with reduced separation between adjacent windings. As the separation of adjacent windings was decreased to 20 µm, the field canceling effect of out-of-phase current elements became dominant. Consequently, the spatial resolution of magnetic stimulation was compromised, as shown in Fig. 4c and 4d .
III. DEVICE FABRICATION AND TESTING
A. Device microfabrication
Devices prototypes were fabricated on Pyralux®AP (AP7163E, DuPont) polyimide substrates, as shown in Fig. 5a . Photoresist was first spun on top of copper surface and patterned via photolithography to form a mask, followed by wet etching of copper to form coil windings. After removing the photoresist mask, the devices were connected to testing instrument through a zip connector. Several devices with different turns were made based on the open-winding configuration, corresponding to the two designs in Fig. 4 . Without loss of generality, two devices with three turns are shown here. Compared to conventional microcoil designs, our new design significantly reduces the fabrication complexity by eliminating multilayer metal processes, and therefore is low-cost and reliable.
B. Preliminary testing results
To evaluate the functionality of the fabricated devices, we placed a receiving coil on top of the stimulation array to capture magnetically-induced electric field, through electromagnetic coupling. During the experiments, the receiving coil was about 1.5 mm in diameter. The separation between the stimulation and receiving coils was approximately 1-2 mm. The DC resistance and self-inductance of the device were measured to be around 1.4 Ÿ DQG -+ UHVSHFWLYHO\ The electromagnetic coupling effect was first tested by applying a sinusoid signal to the stimulation array with a 4 MHz frequency and 15 V amplitude. Preliminary testing results are given in Fig. 6a , where the green curve represents the input signal of the magnetic array and the yellow line represents the induced electric potential measured from the receiving coil. The receiving signal had a ~ 90º phase shift compared to the input signal of the stimulation array, which is a common phenomenon when a signal passes through an inductive element. Due to impedance mismatching, the input voltage across the array dropped to ~ 1.5 V. The low signal-to-noise ratio of the receiving signal is mainly caused by interferences from the testing instrument and weak inductive coupling due to the small self-inductance of the coil.
To demonstrate the ability of the microcoil array to induce electric field, we tested the coupling effect using a sawtooth input signal with a frequency of 150 kHz and amplitude of 15 V. For the prototype 1, the input signal (the green curve in Fig.  6b ) had average amplitude of ~ 250 mV and the induced electric potential (the yellow curve in Fig. 6b ) had average amplitude of ~ 5 mV. Given the same input parameters, the average amplitude of the electric potential induced by the prototype 2 ( Fig. 6c ) was ~ 3 mV, which was around half of the field strength generated by the prototype 1. This result agrees with the previous HFSS simulation results as described in Fig. 4 . (c) Fig.6 Testing results of the fabricated prototypes:(a) prototype 1 with an sinusoid input signal; (b) prototype 1 with a sawtooth input signal; (c) prototype 2 with a sawtooth input signal.
IV. CONCLUSION
In this paper, we explored the possibility of using microscale magnetic probes for multi-site neural stimulation, based on two different device configurations. Analytical modeling and FEM were used to study the spatial distribution of magnetically-induced electric field, in relation to current distribution and device geometry. A new microcoil design with open windings was proposed, which can effectively improve the uniformity of the field intensity and reduce the fabrication complexity. Device prototypes have been fabricated and the preliminary testing results show the ability of the microcoil array to induce electric field through electromagnetic coupling.
Presently, we are testing the ability of the proposed magnetic probe for in vitro excitation of neural activity, using abdominal nerve cord isolated from crawfish adults. Future work will include optimizing device design and driver circuits to improve spatial resolution, maximize coupling efficiency, and enhance signal quality.
